Abstract-This paper reports the development of a robust, 32-site, four-channel, flexible cochlear implant as a prototype for a 128-site, eight-channel human prosthesis. The electrode array is comprised of metal layers embedded in Parylene C and includes parylene rings and self-curling parylene layers that can achieve a minimum radius of curvature <0.5 mm. Finite element analysis simulations predict that the substrate stiffness of the arrays can be tailored from 0.2 to 1.4 kN·µm 2 with parylene rings to increase the rigidity seven-fold over that of a flat parylene array. Guinea pig arrays have achieved insertion depths of up to 6.5 mm (>360°) in the cochlea with no visible damage to the scala media. The application specific integrated circuit (ASIC) for the cochlear implant was realized in 0.5 µm technology to support a wide range of multisite multipolar stimulus configurations. The ASIC fits within the space of the otic bulla with a size of 2.2 mm by 2.5 mm and operates from a ±2.5 V supply at clock speeds up to 500 kHz. The maximum power consumption is 2.5 mW when outputting monopolar 500 µA biphasic pulses.
. A cochlear implant system, consisting of (1) a speech processor that converts sound into a digital code, (2) a pulse generator that converts that code into current stimuli, and (3) an implanted cochlear electrode array that passes the stimuli onto (4) the auditory nerve to allow the patient to perceive sound. Image courtesy of Cochlear Ltd.
the past twenty years, the electrode array has gone through relatively few changes. Presently available state-of-the-art arrays are manufactured by soldering individual wires (as small as 25 μm) under a microscope by hand and injection molding a silicone carrier around them. The resulting size of such handassembled arrays make them prone to damaging any residual hearing, which has been shown to decrease hearing levels and progressively degrade device performance [2] [3] . Additionally, the number of electrodes, which correlates to the ability to discriminate pitch, is greatly restricted by the hand-assembly process because the size of the scala tympani into which the stimulating electrodes are inserted limits their number to about twenty. Hand-assembled arrays are also relatively expensive due to high personnel costs and lack of automation. Thinfilm arrays can offer significant advantages by increasing the number of electrodes (potentially increasing pitch specificity), reducing array size to preserve residual hearing, allowing deeper insertions (greater pitch range), and reducing cost via automated manufacturing. However, any thin-film array must be robust enough for reliable insertion into the helical cochlea, stiff enough for deep insertion, have a modiolus-hugging curl to position the sites close to the receptor cells and reduce insertion trauma, and contain site-multiplexing and stimulating circuitry to enable high-density stimulation patterns.
Various thin-film cochlear arrays have been developed to address the issues of high site density and mechanical robustness [4] [5] [6] . However, these devices have not fully addressed the problems associated with achieving successful array insertion and built-in curl. This paper extends previously reported work to explore high-density thin-film cochlear electrode arrays that are not only robust but are also monolithically integrated with curl and backing structures [7] . It also expands on past circuit work [4] on current stimulation and site multiplexing to produce a cochlear Application-Specific Integrated Circuit (ASIC) that is capable of complex electrode stimulation configurations, including flexible bipolar/tripolar arrangements, simultaneous stimulation, and current-shaping capabilities.
II. PARYLENE COCHLEAR ELECTRODE ARRAYS
Previous thin-film cochlear arrays have been composed of silicon, inorganic dielectrics, and metal layers. These arrays have performed well electrically but can break during insertion if fracture limits are exceeded [4] [5] . Polymer-substrate cochlear arrays provide an attractive alternative to these brittle materials, and for this work Parylene C was chosen as the substrate material with chromium (Cr)/gold (Au)/Cr lead lines and titanium (Ti)/iridium-oxide (IrO) stimulating sites. The flexible parylene-metal stack allows the arrays to survive full insertion into the cochlea and yet still maintain good electrical performance.
In choosing any array substrate material, consideration must be given to biocompatibility, flexibility (Young's modulus, elongation to break) and ease of processing. Parylene C was chosen due to its high elongation to break (greater than 200%), low Young's modulus (approximately 4 GPa) [8] , FDA approval for long-term implants (USP class VI), conformal pinhole-free vapor deposition, and ease of etching in O 2 plasmas. For the cochlear electrode arrays presented in this work, the charge capacity of the sites is of special concern, given the high intended biphasic stimulation amplitudes (±500μA, 2A/cm 2 ). The applied pulses must be charge-balanced and maintain the sites within the water window, avoiding hydrolysis and damage to nearby cells. The site metal must be inert, biocompatible, and have a high charge capacity. IrO is used here since it has a charge capacity of 30mC/cm 2 compared with only 0.4mC/cm 2 for platinum (Pt) [9] .
III. PLANAR ARRAY FABRICATION
Non-backed planar cochlear arrays were fabricated using alternating depositions of Parylene C and thin metal films. Fabrication begins with the vapor deposition of a 5 μm-thick layer of Parylene C on a silicon carrier wafer. Next, Cr-Au-Cr interconnects (20nm-300nm-20nm) are evaporated on this parylene base and patterned with acetone liftoff of SPR 220-3.0 (Megaposit) photoresist (PR). Following the liftoff process, the wafers are pretreated with an oxygen plasma ash (200W, 250mTorr) to roughen, clean, and radicalize the bottom parylene layer before the deposition of a 1 μm-thick dielectric layer of parylene. Following this deposition, 25 μm-wide by 100 μm-long site contact areas are etched over the lead traces with an oxygen-plasma Reactive Ion Etch (RIE). Then, Ti-Ir sites having thicknesses of 50nm and 150nm, respectively, are sputter deposited and defined with acetone lift-off of SPR 220-3.0, followed by another ashing step. A final layer Process flow for the fabrication of planar non-backed cochlear electrode arrays. of parylene is then deposited and RIE-etched to open the sites and the field areas. As a last step, the arrays are released from the silicon carrier in 2% KOH and then heated in a nitrogenpurged vacuum oven for 12 hours at 150°C. The nitrogen purging is critical, as Parylene C has been shown to oxidize at temperatures between 120°C and 200°C in oxygen-rich environments [10] . Figure 2 summarizes this process flow.
Using the above process, 32-site guinea pig (GP) and cat arrays were fabricated as scaled-down versions of a 128-site human array. The guinea pig is a common animal model for auditory research, while the cat cochlea is closer in size and scale to a human cochlea. The cat array substrates were 8 mmlong and tapered from 800 μm to 380 μm in width, base to apex, as seen in Figure 3 . The GP arrays were also 8mm long, but tapered from 500 μm to 200 μm, base to apex. Both prototype arrays incorporated a 0.7 mm-wide 5 cm-long monolithic parylene cable. This cable can be rivet bonded to a printed circuit board (PCB) for connection to a current stimulator. A shorter cable design can be used for connection to a multiplexing/stimulation ASIC.
These arrays have lead pitches as small as 10 μm, consistent with a 64-site human array with a single level of interconnect. The sites have center-to-center spacings of 250 μm, consistent with a 128-site human array fed from two layers of interconnect. The most critical problem in the fabrication of these parylene arrays is ensuring adequate Ir adhesion to the inert substrate and defining tight lead pitches. Delamination of the Ti-Ir sites can occur pre-release or be exacerbated during release. Site adhesion to the parylene is most dependent on the stress in the Ir layer, which can increased or decreased as a result of the sputter deposition base pressure, deposition pressure, and deposition power. Optimum run parameters included a base pressure of 2nTorr or less, a sputter power of 300W, and a sputter pressure of 8.5mTorr. With these parameters, no delamination of the sites was seen pre-or postrelease ( Figure 4) .
Line pitches of 20 μm were sufficient for 32-site cat arrays; however, for GP arrays, it was necessary to shrink the pitch down to 10 μm. When using standard single-layer PR liftoff (AZ 9260 photoresist, Microposit 1813, Microposit 1827, or Megaposit SPR 220-3.0) and standard contact alignment exposure, achieving such a tight line pitch on parylene was quite difficult. The most successful approaches included using double-layer photoresist lithography and "hardening" the surface of the resist with either chlorobenzene or TMAH. Of these techniques, the only one to work consistently over multiple runs was the TMAH surface-hardening technique. This method was first introduced by Redd, et al. [11] , on silicon surfaces and was later used by Seymour [12] on parylene surfaces. A variation of the technique was used here. It consisted of spin-coating SPR 220-3.0 at 5K rpm for 30s and spray coating AZ MIF 300 developer for 20s over the undeveloped resist. The TMAH of the developer is absorbed into the top surface of the unbaked resist and during the pre-exposure bake acts as a catalyst for a chemical reaction that greatly reduces its solubility in future development steps. With this technique, 10 μm line pitches were achieved after soaking the wafers in acetone for less than 5 hrs.
IV. COCHLEAR ARRAY BACKING
The backing of a cochlear electrode array is designed to give it the appropriate modiolus hugging, stiffness, and positioning features. In commercial devices, backings are formed using injection-molded silicone carriers. Previous thin-film arrays have used hybrid thin-film backings [13] . Molded carriers for thin-film arrays increase their robustness, make them compatible with present surgical insertion tools, and provide the fastest route to commercialization. However, they are difficult to place on micro-sized devices, are applied using a low-throughput process, and are costly. In contrast, thin-film backings can be incorporated at wafer-level, allow high-throughput low-cost batch fabrication, and can be readily enhanced with structures to help visualize implantation [14] . In this work, monolithic backings were incorporated into the planar parylene arrays during processing. These monolithic backings contained rings for stiffness control and stylet-based positioning as well as stressed polymer-metal layers to achieve modiolus-hugging curl.
A. Array Curl
To place the electrode sites in close proximity to the targeted cells, curl can be built into cochlear electrode arrays so that they hug the inner wall of the modiolus, reducing threshold levels and improving pitch specificity. Although curled arrays have many benefits, most commercial implant companies produce straight arrays. As such, we explored the monolithic formation of both straight and curved thin-film arrays.
Residual stress was used to create curl. The array interconnect was stress-compensated to have low-to-zero curvature, and the first and final parylene layer thicknesses were deliberately imbalanced to induce stress-controlled curvature in a layered parylene-interconnect-parylene (PIP) design. The PIP strategy was first modeled to understand how layer stresses and thicknesses affect the radius of curvature. The 11 mm stimulating end of the cochlear array substrate was represented by a triple-layer beam (metal interconnect sandwiched between two parylene layers). The triple-layer beam structure was modeled as two bi-layer beams whose individual curvatures were summed. Curvature of a bilayer beam is a result of the difference in strain between the bottom and top layers. The equations for determining curvature are:
where σ t,b is the stress in the top (t) or bottom (b) layers, P t,b is the layer thickness, E t,b is the Young's modulus, E Mt,Mb is the modified Young's modulus accounting for Poisson's ratio, ν Mt,Mb , of the top (Mt) and bottom (Mb) layers, ε represents the induced strain, and k is the curvature of the beam. The above equations were used to model the expected curvature based on the ratio of layer thicknesses (P t /P b ), and the layer stresses. It is necessary that the arrays curl in the positive direction (out-of-plane, toward the sites) once released from the substrate. To get this direction of curvature, the PIP design uses the strain in the two parylene layers to produce curl. In contrast to metal-based bimorphs, there are only a few MPa of difference between the stresses in the top and bottom parylene layers, and the individual stresses themselves are quite low. For thin layers of parylene (less than 3 μm), the measured stress was approximately −4 MPa. As the layer thickness increases, the stress becomes more tensile, with an 11 μm layer of parylene having 0.3MPa of stress. Despite the low stress of the Parylene C layers, the layer thicknesses are such that a significant amount of curvature can be developed in the arrays.
To better understand what effect the top and bottom parylene thicknesses have on the curvature, the thickness of each layer was varied with respect to the other and the model was used to observe the changes in stress as a function of the ratio of the top to bottom thicknesses (P t /P b ). The overall height of the beam, which is the summation of all layer thicknesses, was kept constant. For a fixed beam height and for layer ratios greater than 1, the curvature is positive, and for ratios less than 1, the curvature is negative. Figure 5 shows the simulated radius of curvature of a bi-layer parylene beam as a function of the thickness ratio for a fixed beam height of 20 μm, along with the curvature as a function of the top layer thickness, where the overall beam height is increasing. The radius of curvature decreases for higher values of P t ; however, increasing the thickness also increases the beam height, which has a negative effect on the curvature; as such, the curvature plateaus for thicknesses greater than 10μm with a P t /P b ratio of 5. The simulated minimum radius of curvature that can be achieved with parylene depositions equal to or higher than 2 μm is 1.6 mm. Guinea pig arrays were produced with 2 μm-thick bottom layers and 8 μm-thick top layers of parylene. The devices curled out of plane following release from the wafers, but with a lower curvature than expected. To increase the curvature, the arrays were heated to 150°C on a hotplate. It has been shown that when Parylene C is heated to high temperatures (up to 250°C), the residual stress increases by a factor greater than six [14] . This increased residual stress greatly enhances the curvature of the devices ( Figure 6 ). Following heat treatment, the devices achieved radii of curvature of less than 0.5 mm. To enable the arrays to be surgically placed inside the cochlea, it is necessary to straighten them first. Monolithic backing positioners were designed to place the arrays using the Advanced-Off-Stylet (AOS) method as discussed in the following section.
B. Monolithic Backing Positioners
Ultra-flexible planar parylene arrays cannot be inserted into the cochlea without increasing their stiffness and/or curl. The stiffness has to be such that when the array touches the back wall of the scala tympani it will bend and not buckle. In all straight-array designs, wall contact is inevitable and is a normal part of insertion. Back-wall contact forces of 25 μN have been reported in cochlear implant insertions [15] . If curl is added to the device, then with proper insertion it can glide along the inner wall of the modiolus, having minimal contact with the back wall, and the stiffness can be reduced. While these thin-film parylene arrays have been successfully backed using molded silicone, the batch formation of backing structures as part of the monolithic fabrication process is attractive and could potentially result in higher yields and lower cost. For the straight arrays in this work, monolithic backing channels were integrated into the arrays to create a stiffness suitable for direct insertion. For the curled arrays, a variation of these same channels was used so that the AOS insertion method could be employed, lowering insertion forces and relaxing array stiffness requirements [16] .
Two types of backing channels were investigated: a uniform continuous channel with slots etched out to create parylene rings separated by open-space gaps, and a series of short discrete channels. These two structures are shown in Figure 7 . The channels were designed and modeled with finite element analysis (FEA) to determine the maximum stiffness that can be achieved with the slotted structure and how the ring length (R L ) and gap length (G L ) can be varied to set values within that range.
FEA was conducted using the COMSOL Multiphysics software package to model changes in the ringed channel stiffness as a function of R L and G L . A 3D structural mechanics MEMS module was used. In the model, the channel is represented by a beam with either a continuous or discrete channel beneath it. For the continuous (slotted) case, the beam was 1mm long with a 400 μm-wide channel having a wall thickness of 5 μm. For the discrete case, the beam was 300 μm wide and had a wall thickness of 10 μm. The beam widths represent the widest expected widths of continuous and discrete beams for the 500 μm GP substrates and result in minimum initial rigidity. The channel wall thicknesses are estimates of how much parylene is needed to completely seal such channels given the process flow described below. For both cases, an isotropic material model of parylene was used having a Young's modulus of 4GPa [8] , a Poisson's ratio of 0.4, and a density of 1289 kg/m 3 . The beam was fixed on one end and a perpendicular force was applied at the other end in the x-direction, deflecting it upwards. The stiffness of the channel was calculated from its deflection under the applied force. The rigidity of the beam was calculated from the stiffness and moment of inertia of the beam. To approximate the stiffness and rigidity of the channel for the full 11 mm length of the array, standard mechanics equations were used.
Simulations were done changing the ratios, values, and percentages of areas covered by R L and G L to determine the effects on the stiffness of the channel. Two types of simulations were carried out. For one case, the pitch (R L + G L ) was kept constant and G L was increased. For the other, the ratio R L /G L was fixed at one and both R L and G L were increased. The results showed that the stiffness of the channel decreases as G L increases for situations in which the pitch is kept constant, since the percentage of total area covered by gaps goes up and there are fewer fixed regions (i.e. greater flexibility). When the ratio R L /G L is fixed at 1 and R L is increased, the stiffness of the channel decreases for increasing lengths of G L . The maximum modeled rigidity of the slotted channel, 1.4 kN · μm 2 , occurs when there are no gaps, while the minimum rigidity, 0.2 kN · μm 2 , occurs when there are no rings. Thus, the model estimates that adding a continuous backing channel to a planar parylene array can increase its rigidity by 700%. In contrast, several ring-and gap-length combinations can be used to add rings to the discretelyringed channel structure without significantly increasing its stiffness. When it is desirable to stiffen the cochlear array for optimum rigidity and flex (as for non-AOS insertions), the slotted-channel would be best. In the past, flattened PET tubing of stiffness 2.3 kN · μm 2 [5] achieved full placement inside guinea pig and cat cochlea molds. The 1.4 kN · μm 2 stiffness of the parylene rings is 40% less than this, but by grading the stiffness of the slotted-channel the flexible arrays can achieve insertion depths comparable to the PET tubes and with less trauma. The graded stiffness prevents the array from buckling outside of the cochlea which is a major deterrent to array insertion. When it is desirable to add curvature to the array and at the same time keep it compatible with AOS, the discrete-ringed channel can be used since it does not reduce the radius of curvature with excessive stiffness
The slotted channels are fabricated under the array with several modifications to previous buried-channel processes [16] [17] . Fabrication begins with the vapor deposition of a thin 1-2 μm-thick masking layer of parylene as shown in Figure 8a . A rectangle 5 μm wide and 16 mm long is etched out of the parylene using an O 2 plasma etch, and it is isotropically undercut by 100-150 μm to form a channel using a XeF 2 etch ( Figure 8b ). In Figure 8c the channel walls are coated with parylene, and the overlap opening is sealed off. Due to the small width of the parylene opening, the channel is completely sealed by depositing a 7 μm-thick layer of parylene. Once the channel opening is sealed, the stimulating array is built on top of it (Figure 8d ). The backside of the silicon wafer is then masked and etched using DRIE (Figure 8e ). The exposed regions of the tunnel are removed in an O 2 plasma etch ( Figure  8f) . Lastly, the entire array is released from the carrier wafer using a 2% KOH solution (Figure 8g) .
The fabrication process for discrete-ringed arrays follows that of the slotted channel ( Figure 9 ). Fabrication begins with the vapor deposition of a 2 μm-thick masking layer of parylene over a PECVD oxide etch-stop (Figure 9a) . A series of small squares, 5 μm wide and 50 μm long, extending the length of the shank (11 mm) and spaced 1 mm apart are etched out of the parylene using a directional O 2 plasma. Following the selective removal of parylene, the remaining overlap is isotropically undercut 100 μm to 150 μm to form a channel using a XeF 2 etch (Figure 9b ). The channel walls are then coated with parylene and the overlap opening is sealed off (Figure 9c ) with a 7 μm-thick layer of parylene. Once the Fig. 10 . A pre-curved parylene array backed with discrete rings. Fig. 11 .
A stylet wire threaded through backing rings, straightening a pre-curved array for insertion into the cochlea. Fig. 12 . Contact pads for ball bonding to the PCB. The exposed metal frame, which appears black, through the parylene allows threading of the ball bond to the PCB. discrete channels are filled in, the parylene stimulating array is built on top of it ( Figure 9d) . Next, the backside of the silicon wafer is selectively masked and etched using DRIE (Figure 9e) . The oxide provides an etch-stop to prevent the parylene substrate from being etched. The exposed regions of the tunnel are now removed in a directional O 2 plasma etch (Figure 9f) . Lastly, the entire array is released from the carrier wafer using a 2% KOH solution (Figure 9g) .
The discrete-ring process was integrated with the PIP curvature control technique to produce curved arrays with monolithic backings (Figure 10 ). For AOS insertions, a channel must be created in the array that is wide enough for placement of a stylet wire yet small enough to fit inside the apical region of the guinea pig cochlea. Since the maximum widths of our guinea pig arrays are 280 μm at the tip, we chose to use channel widths between 230 μm and 250 μm, and selected 127 μm-diameter stainless steel stylet wires (Small Parts, Inc.). These stylet wires can be easily inserted through such channels. Figure 11 shows a ringed array straightened with a stylet and ready for insertion.
C. Array Assembly to External Electronics
Before the arrays can be used for in-vitro or in-vivo tests, they must first be electrically assembled on printed circuit boards (PCBs) or the stimulating ASIC. The backends of the parylene cochlear arrays are compatible with rivet (ball) bonding techniques [18] . Each area contact consists of a 25 μm-wide Cr-Au-Cr frame partially encased in parylene (Figure 12) .
The frame has an outer diameter of 100 μm and an inner diameter of 50 μm. An 80 μm-wide square of parylene is etched from the top surface of the contact pad to expose a portion of the Cr-Au-Cr metal for ball-bonding. To assemble the arrays to the boards, the backends are thermosonically ball-bonded to the gold contact pads on a 32-trace PCB. In the ball bonding process gold wire is heated with an Electric Flame Off (EFO) process to create a ball at the tip. For each bond, the gold ball is centered over the 50μm inner diameter of the contact pad and placed in forced contact with the 50 μm-wide gold trace of the PCB below it. A combination of ultrasonic energy and heat is used to bond the Au gold ball to the Au contact pad beneath it. The temperature of the bonding process is below the 120°C oxidation temperature of parylene [10] , and occurs over a few milliseconds. After all thirty-two sites are bonded, Nusil MED4011 silicone is coated over the bonded backend, and the entire assembly is place in an 80°C oven for 1 hr to allow the silicone to cure (Figure 13 ).
V. IN-VIVO STUDIES
To assess the functional ability of the parylene arrays to achieve full insertion into the cochlea and elicit neural responses to intra-cochlear stimulation, twelve acute guinea pig implantations were carried out. This study was performed in accordance with National Institutes of Health Guidelines (Guide for the Care and Use of Laboratory Animals, 1996). The University Committee on the Use and Care of Animals at the University of Michigan approved the animal protocols. Veterinary care and animal husbandry were provided by the Unit for Laboratory Animal Medicine in facilities certified by the Association for Assessment and Accreditation of Laboratory Animal Care, International (AAALAC, Intl.).
The surgery was carried out as follows: The procedure began with the drilling of five 1.5 mm holes (three around the bregma of the skull). Three stainless steel screws were used to secure an inverted restraint bolt to the animal skull. This restraint bolt and two additional stainless steel screws were utilized for electrically Evoked Auditory Brainstem Response (EABR) recording. Methyl methacrylate was coated over all six screws to fix them in place. Following placement of the screws around the bregma, a small cochleostomy was made in the basal turn of the cochlea just below the round window using a #60 diamond burr to allow for insertion of the implant. The electrical connector of the parylene implant was secured to the skull with Durelon cement, making sure not to over extend or unduly twist the parylene cable connected to the array. Once the cement was thoroughly dried, the electrode array was inserted gently into the scala tympani through this cochleostomy using direct placement with a pair of tweezers or with the aid of a stylet wire. In either version of the insertion, once fully implanted the array was secured at the bulla defect with Durelon.
In addition to EABRs, recordings from the inferior colliculus (IC) were also performed. For recording, an acute 16-channel Michigan recording probe was placed approximately 3mm into the IC. The probe was inserted into the IC at a 45°angle relative to the sagittal plane of the skull using a stereotaxic manipulator.
A. In-Vivo Insertions
Ring-backed parylene arrays with a minimum radius of curvature of 0.5 mm were implanted into guinea pig cochleae. Plated-nickel stylet wires of graded stiffness were fabricated for these experiments. Instead of advancing the arrays off of the stylet, both the wire and the array were advanced into the cochlea. These stylet wires could be advanced up to 6.3 mm into the guinea pig cochlea. The ability to place a stylet-wire inside the rings and insert the entire assembly into the cochlea without tearing the rings or the substrate showed that the arrays were much more robust than their silicon predecessors. It could be argued that the nickel-plated stylet in some way enhanced the robustness; however, experiments implanting graded-stiffness ring-backed arrays without the use of a stylet yielded similar results.
In separate animal studies, straight arrays of graded stiffness were inserted into guinea pig cadaver cochleae. In contrast to the stylet-loaded arrays, the graded-stiffness implants did not cut through the scala media and were positioned entirely within the scala tympani. They achieved similar insertion depths of up to 6.5 mm. The softness of the graded-stiffness arrays and their ability to bend in-plane fluidly is what is thought to have prevented them from crossing over the basilar membrane. Although these arrays induced less trauma, they had a lower insertion success rate as compared to the styletloaded arrays. Future work in the area of array mechanics will focus on increasing the overall stiffness of the graded-stiffness arrays to improve insertion ease. A comparison with the insertion depths achieved for a commercial implant revealed that the graded stiffness (GS) arrays achieve nearly 40% deeper insertion depths into the scala tympani, with twenty versus five electrode sites available for stimulation.
B. In-Vivo Stimulation
The electrode sites were stimulated in the cochlea and auditory responses were measured through EABR and IC recordings. For IC recordings, biphasic stimulus pulses with 200 μs phase durations were generated at a rate of 4 pps. Standard sixteen-site Neuronexus recording probes were used to pick up neural activity in the IC. PeriStimulus Time Histograms (PSTHs) were generated to observe neuronal spikes that repeat in time in response to pulsatile stimulation of the intra-cochlear electrode array. It should be noted that the spike seen within the first 10 ms is stimulus artifact and should not be considered a relevant response to intra-cochlear stimulation. Peaks in the histogram beyond the 10 ms bin indicate repetitive neural spikes in response to intra-cochlear stimulation. A noise floor is present throughout all recording channels, but is higher on some channels than on others. This noise floor should also be neglected when viewing the histograms. The thin-film sites were able to successfully initiate a response in the IC to intra-cochlear stimulation with monopolar thresholds as low as 50 μA (Figure 14) . The neural response to stimulation above threshold for the thin-film sites was quite similar to that of hand-assembled commercial arrays in that the monopolar sites activated a broad area of the IC and activity was picked up on several recording sites. The IC responded as expected to increased current amplitudes, with greater amplitudes resulting in increased activity and broader current spread.
During the EABR recording, auditory nerve responses were recorded using alligator clips attached to active and reference electrodes in the headstage. The ground electrode for recording was the restraint bolt placed on the bregma. The ground electrode for the cochlear electrode array was tucked into the muscle overlying the temporal bone. The anesthetized animals were stimulated with 25 μs-or 200 μs-duration monophasic charge-balanced cathodic-first pulses at 50 pps, with 2048 pulses per trial. Similar threshold levels occurred for evoking responses in the auditory nerve as in the IC. Monophasic threshold voltages were as low as 30 μA (Figure 15) .
Having assessed the ability of the thin-film sites to produce meaningful responses in the auditory nerve and the inferior colliculus, future work will focus on assessing the multipolar performance of the sites. Having sites of similar diameter, monopolar stimulation across the thin-film array is quite similar to hand-assembled implants. However, center-to-center site spacings of 250 μm compared to a minimum center-tocenter spacing of 450 μm for commercial hand-assembled arrays, multipolar configurations have the potential to perform much better than hand-assembled arrays when it comes to frequency selectivity. This has been demonstrated in the past by the thin-film silicon cochlear electrode arrays [4] .
VI. COCHLEAR ASIC
An ASIC containing four stimulus current generators and built-in functions for verifying commands from the host controller, controlling the current patterns launched by the array, measuring the site impedances, grounding the sites between pulses, and activating the iridium sites post-assembly was developed for use with the cochlear electrode array. ASIC operation is controlled by 16-bit command words that select the mode (stimulation or extended), the sign, and the current amplitude (-500 μA to +500 μA ±4 μA) of the desired stimulus current along with the channel and site to be stimulated. Extended mode is used to remotely measure site impedances, test the input shift register, activate or ground the sites, and calibrate the on-chip digital-to-analog converters (DACs). When a command has been entered, it is checked for even parity, and if valid a data valid verification is returned to the host. Stimulus generation at the base of the array allows communication with the implanted array over a nine-lead bus instead of per-site wiring and greatly simplifies the overall system. Figure 16 shows a block diagram of the ASIC.
The ASIC is driven through a 9-wire Serial Peripheral Interface (SPI) bus with input lines for data in (DIN), strobe (STB), clock (CLK), reset (RST), and power (VDD, VSS, GND), along with output lines for data out (DTO) and data valid (DAV). Each of the four channels has a dedicated static current-output Digital-to-Analog Converter (I-DAC), and the sites are distributed among these channels in such a way that bipolar and tripolar configurations can be used with a broad range of site separations. The I-DACs utilize a high-outputimpedance wide-swing design. Simulations in Cadence Spectre with ±2.5V power supplies and a 3 k (site) resistance at the output show 3dB output current corners of +2.43V when sourcing 500μA and -2.45V when sinking 500μA.
The ASIC was fabricated in 0.5 μm ON Semiconductor CMOS technology in a chip size of 2.2 mm × 2.5 mm. Roughly 47% percent of the active circuit area is occupied by the four I-DACs while 25% is occupied by the site-selection and extended-mode multiplexers, decoders, and shift registers, 4% by the I/O shift register, latch, and DAV circuits, and the remaining 24% by the interconnects. Figure 17 shows the ASIC chip, which is mounted at the base of the array in the otic bulla, a boney cavity outside the cochlea. The pads across the top of the chip align with the parylene output cable, while the others align with lead tabs on the cochlear array as in [4] .
Bench-top testing of the chip was done using a LabView interface that generated the DIN, CLK, STB and RST signals on the output lines of a National Instruments Digital Acquisition (DAQ) PXI 6251 card and level shifted them to ±2.5V levels with LT 1057CN8 op-amps. Timing of the LabView pulse generation was controlled externally using a arbitrary waveform generator. As expected, the chip was fully functional, operating from ±2.5V supplies with a power consumption of 2.5 mW when in stimulating mode at ±500 μA and 170 μW in extended (test) mode. The maximum stimulation rate was 32 kpps with a maximum biphasic mismatch of 16%, which can be corrected through appropriate pulse timing. The minimum pulse width is 16 μsec.
The back voltage response to an ASIC-driven 128 μA current applied to one of the 180 μm-diameter IrO electrode sites in phosphate-buffered saline (PBS) is shown in Figure 18 . As expected, there is an initial voltage jump due primarily to the spreading resistance in solution near the site followed by capacitive charging of the double layer. The measured compliance voltage at which the output drive current drops by 3dB was 2.35V, close to the simulated 2.43V. Back voltages recorded for these IrO sites in-vivo are less than 2V for stimulus pulses up to 500 μA and pulse durations of 25μs.
VII. CONCLUSION
A robust and flexible 32-site prototype cochlear electrode array for a 128-site human prosthesis has been developed. Thin-film backings have been created monolithically for positioning the array inside the cochlea close to the modiolus wall. These backings consist of flexible parylene rings and a self-curling parylene-metal-parylene substrate. The fabricated arrays achieve a minimum radius of curvature of 0.5 mm, which is more than adequate given that the radius of curvature for the first turn of the guinea pig cochlea is no smaller than 1mm. The parylene rings allow the arrays to be temporarily straightened for insertion into the cochlea using a stylet. Straight parylene arrays have also been produced using a slotted parylene tube on the back of the arrays. Simulations show that such tubes can be graded in stiffness to provide a seven-fold increase in rigidity over a flat parylene array. Both flat and curled parylene arrays have been implanted in guinea pig animal models. Graded-stiffness guinea pig arrays have achieved atraumatic insertion depths of more than 6 mm with no visible damage to the scala media. The reduced trauma seen with these arrays could make them especially attractive to older patients who have some residual hearing and are concerned about further hearing loss due to damage during the insertion of conventional wire-bundle arrays. A hybrid ASIC has been prototyped that permits stimulation using a wide range of multi-polar site spacings. It can be incorporated at the base of the parylene array, communicates with the implanted host system over a nine-lead command cable, and implements calibration and self-test features.
